A stent is a medical device for serving as an internal scaffold to maintain or increase the lumen of a body conduit. Stent placement has become a primary treatment option in coronary artery disease for more than the last two decades. The stenting is also currently used for relieving the symptoms of narrowed lumen of nonvascular organs, such as esophagus, trachea and bronchi, small and large intestines, biliary, and urinary tract. Local delivery of active pharmaceutical agents via the stents can not only enhance healing of certain diseases, but it can also help decrease the potential risk of the stenting procedure to the surrounding tissue. In this review, we focus on reviewing a variety of drug-impregnated stents and local drug delivery systems using the stents.
Introduction
A stent is a cylindrical medical device usually made of metallic or polymeric wires that could be placed in the blood vessel [1] [2] [3] [4] [5] [6] and the non-vascular lumen including gastrointestinal, upper respiratory, and urinary tract to alleviate the symptoms caused by the stenosis [7] [8] [9] [10] [11] [12] [13] [14] . Since stenting has been demonstrated to be one of the most successful treatment modality in the interventional medicine, the application range of stenting has been expanding fast. However, the stent placement is OPEN ACCESS not a perfect treatment option, because the stent lumen could be re-obstructed by hyperplasia of the surrounding tissue or invasion of malignant tumor around the stent [15] [16] [17] [18] [19] . The restenosis could also be caused by the stent migration from the original site or mechanical failure of the stent [16] [17] [18] .
The restenosis in the vascular stenting results mainly from intimal hyperplasia, which is a response of a vessel to the vascular injury and endothelial damage caused by the stenting [15] . A great number of drug delivery methods have been tried to suppress the restenosis, and many types of drug eluting stents (DES) were developed and clinically applied successfully to lower the restenosis rate. Various techniques, including covering of a bare metal stent (BMS) with polymeric membrane or film to prevent invasion of the surrounding tissue through the meshes of the stent and impregnation of the stent with an anti-proliferative drug have been developed to prevent hyperplasia or tumor ingrowth through the mesh of the stent. However, the mesh size of a non-vascular stent is generally much larger than that of a vascular stent, and the drug elution from the stent wires is not enough to suppress the hyperplasia for non-vascular stents, and thus the restenosis of non-vascular stents is much more difficult to control than that of vascular stents [16] [17] [18] .
In this article, we will summarize the coating and covering methods of a stent with polymeric film or membrane, impregnation methods with antiproliferative drugs, and attachment and delivery methods of small interference RNA (siRNA) via the polymeric covering of vascular and non-vascular stents.
Antiproliferative Drugs
Although many drugs such as antiplatelet agents, anticoagulants, anti-inflammatory agents, hypolipidemic agents, ACE inhibitors, calcium antagonists and antioxidants were tested, they have failed to reduce restenosis [19, 20] . Thus, it was determined to use antiproliferative drugs in reducing in-stent restenosis because of parallels between tumor growth and in-stent neointimal growth. The most widely applied anti proliferative drugs for control of hyperplasia after stenting are rapamycin (sirolimus), paclitaxel, and gemcitabine ( Figure 1 ). Favorable results in the studies of drug-eluting stents delivering inhibitors of the mammalian target of rapamycin (mTOR) were observed [21] . Rapamycin, also known as sirolimus, is a macrolide antibiotic, which is produced naturally during fermentation by Streptomyces hygroscopicus. Rapamycin or sirolimus binds to the intracellular protein FKBP12, inactivate the TOR (target of rapamycin) protein and thus inhibits transition from the G1 phase to the S phase, which exerts an antimigratory and antiproliferative effect on vascular smooth muscle cells [22] [23] [24] . Therefore, rapamycin or sirolimus blocks proliferation without cell death when it acts in an early phase of the cell cycle. The most prominent member of mTOR inhibitors is sirolimus [25] .
There are also derivatives of sirolimus such as zotarolimus, everolimus, biolimus A9, novolimus, myolimus, tacrolimus and pimecrolimus. Since these sirolimus analogues were expected to suppress cellular growth as mTOR inhibitors, these drugs have been evaluated. Evelolimus was developed as an immunosuppressive macrolide to prevent rejection in kidney, heart, and lung transplantation. It was shown that evelolimus-eluting stent has also inhibitory effect on proliferation of smooth muscle cells [26] . Moreover, evelolimus is absorbed by local tissue more rapidly and remains in the cells longer than sirolimus [27] . In addition, it was found that biolimus A9 resulted in significant reduction of stent thrombosis. Although tacrolimus and pimecrolimus showed sound antirestenotic efficacy in animals,these drugs clearly failed in clinical trials [28] . Tacrolimus is a macrolide immunosuppressant that has been used for organ transplant patients to prevent the body from rejecting a transplanted organ, and it has shown efficacy against neointimal hyperplasia after stenting in a porcine coronary artery model [29] .
Paclitaxel, which was initially extracted from the tree Taxus brevifolia, is a cytotoxic drug and inhibits cellular proliferation by suppressing microtubule dynamics [30] . It produces cytostasis by acting in the transition between G0 and G1 and between G1 and S in low doses, while it leads to cell death by blocking the transition between G2 and M in high doses [25] . Thus, it is important to find the lowest dose of paclitaxel to inhibit cell response without vascular damage. It was clinically demonstrated that paclitaxel-eluting stent reduced in-stent neointimal hyperplasia [31] .
Although estradiol-eluting stents showed a beneficial effect on neointimal formation [32] , a larger study with 502 patients showed that delivery of sirolimus and estradiol from a non polymeric stents did not have a positive effect [33] . Additionally, although oral corticoids possibly have a moderate effect on neointimal formation [34, 35] , corticoid-coated stents did not reveal an anti-proliferative effect [36] .
Gemcitabine, a deoxycytidine analog that inhibits DNA synthesis, has been reported to have better efficacy than other chemotherapeutic agents in both unresectable pancreatic cancer and bile duct cancer, and thus local delivery of gemcitabine has been tried in in vitro studies as well as in in vivo animal studies [7, 37] . However, clinical application of gemcitabine-eluting stent has yet to be realized.
Vascular Drug Eluting Stents
Drug eluting vascular stents are usually modular or slotted-tube configurations that are crimped to a low-profile over a balloon catheter and dilated to the vessel size once positioned across the stenosed vessel, as shown in Figure 2 . The drug is coated onto the stent wires and is released after the stent deployment into the arterial wall to control the hyperplasia initiated by the injury of the vessel wall after the stenting. Table 1 shows the materials of commercially available drug eluting stents. Cypher™ stent made of 316L stainless steel wires is coated with sirolimus dissolved in poly(ethylene vinyl acetate) (PEVA)-poly(n-butyl methacrylate) (PBMA) solution. When the drug-polymer coating is applied to the entire stent surface with a standard concentration of 140 μg of sirolimus per cm 2 of stent surface area, the sirolimus is expected to be released approximately 80% of the drug within 30 days of stent deployment [38] . Figure 2 . A laser-cut balloon expandable vascular stent and the delivery set. The stent is crimped onto a tightly-folded balloon catheter for delivery. After correctly positioning the catheter across the stricture, the balloon is inflated with saline to place the stent, and then deflated for removal of the delivery set (courtesy of Genoss, Inc., Suwon, Korea). Taxus Express™ is also made of 316L stainless steel and is coated with a formulation of paclitaxel in poly(styrene-b-isobutylene-b-styrene) (SIBS). When the drug-polymer coating was applied to the entire stent surface in single layer with a standard concentration of 100 μg of paclitaxel per cm 2 of stent surface area, the release of paclitaxel was shown to be bi-phasic with a 2-day initial burst followed by slow release over the following 10 days [39] . Both Taxus Express™ and Cypher™ stents are considered as the first generation drug-eluting stent, since the drug-impregnated polymer coatings of the two stents are durable or non-biodegradable. The remaining polymer coatings after drug release are deemed to cause chronic inflammatory response, delayed healing of the arterial wall, and very late stent thrombosis (>1 year). The second generation drug-eluting stents have employed biodegradable or bioabsorbable polymers for drug delivery, and shown prominence in decreasing the very late stent thrombosis [40] .
Nevo™ stent (Johnson & Johnson) is made of cobalt-chromium that has better mechanical properties than 316L stainless steel, and thus can generate the same radial strength of a stent with thinner stent struts. It has laser-cut microholes loaded with a formulation of sirolimus and a bioabsorbable poly(D,L-lactide-co-glycolide) (PLGA). The clinical application of this stent, however, showed inferiority compared to the Taxus Express ® stent [41] . Supralimus™ stent (Sahajanand Medical Technologies, Gujrat, India) delivers sirolimus via bioabsorbable copolymer of poly(L-lactide) PLLA, poly(vinyl-pyrrolidone) (PVP), and poly(D,L-lactide-co-glycolide)(PLGA) [42] . Endeavor Resolute ZES ® stent is coated with a formulation of zotarolimus and a BioLinx polymer, which is a copolymer composed of hydrophilic C19 polymer, polyvinyl pyrrolidone (PVP) and a hydrophobic C10 polymer. This polymer coating was reported to have an extended drug elution due to high biocompatibility and biodurability. The stent has been most promising in terms of rates of adverse clinical events (11.6%), target-lesion revascularization (1.6%) and stent thrombosis (0.0%) at three year follow-up in the RESOLUTE trial [43] . Biomatrix™ and EXCEL™ stents employed a bioabsorbable poly(lactic acid) as a drug-carrying polymer that biodegrades into lactic acid, carbon dioxide and water in vivo [40] . In a recent study, Huang et al. incorporated both an anti-proliferative drug (sirolimus) and an anti-thrombotic drug (triflusal) in a biodegradable poly(D,L-lactic-co-glycolic acid) (PLGA) coating and showed that the stent coated with these dual drugs has both anti-restenotic and anti-thrombotic effects in an in vivo swine model [44] . The results suggest that time sequential delivery of multiple drugs could be a right approach to solve the very late stent thrombosis.
Non-Vascular Stents
Although conventional stents had been made of stainless steel or cobalt-chrome alloys, the elastic deformation of these conventional stent materials is limited to approx. 1% strain, which is distinctly different elastic deformation behavior from that of the living tissues. In contrast, nitinol alloy, which is intermetallic compound of nickel and titanium, exhibits superelasticity and thus is advantageous to the stent placement in tortuous segments of an internal tract. Shape-memory effect of the nitinol alloy can be useful for compacting a stent inside a delivery system with a small diameter. Thus, nitinol has been utilized increasingly in non-vascular self-expandable stents. Moreover, a nitinol stent can be easily compacted in an ice-water, where the shape memory alloy is in a martensite state, due to the shape memory effect. When the delivery system reaches the stricture and the outer sheath of the delivery system is retracted, the stent expands as the body temperature induces the transformation of nitinol back to an austenite state. Figure 3 shows an example of a biliary self-expanding nitinol stent being placed in the common biliary duct through a flexible endoscope positioned inside a duodenum.
The restenosis in non-vascular stents is usually caused by intimal hyperplasia of the vessel wall or the invasion of the surrounding benign or malignant tissue through the stent mesh [45] . Effort has been directed toward suppressing the expansion of hyperplasia by covering the stent with polymeric film or membrane. The stent covering material should have a proper mechanical properties such as elasticity to accommodate the expansion required for the stent placed in a tortuous part of the vessel or tract, and toughness that could resist the rigors of compression to make the profile of the stent as small as possible so that it could be loaded into a delivery catheter with smallest diameter [46] . Minimal profile of the stent and delivery catheter is preferred so that they can be delivered through an endoscope as shown in Figure 3 . Materials which are widely used in stent covering are expanded polytrafluoroethylene (e-PTFE), silicon, and polyurethane (PU). Expanded PTFE is a porous membrane with about 85% porosity which is made from PTFE resin via paste extrusion followed by heating & stretching. The pore size is in the range of 0.02-40 μm [47] . Since nonpolarity and nonreactivity of PTFE provide the unique property in suppressing both thromboticity and pseudointimal proliferation when the material is placed in a humane body, PTFE is known as one of the best hemocompatible polymers and thus is useful in stent-graft, which is placed inside an aorta to treat aortic aneurysms and dissections. Since e-PTFE tube with various diameter and thickness are commercially available and the tube is able to be cut to the size of the stent and to be sutured, e-PTFE has been used in a wide range of clinical application including transjugular intrahepatic portosystemic shunt (TIPS), gastrointestinal stent, coronary stent, renal artery stent, and prostatic (urethral) stent [3] [4] [5] [6] [7] [8] 13, 48, 49] .
Silicones and polysiloxanes are polymers of alternating silicon and oxygen atoms. Silicones have been used in many novel biomedical applications due to their excellent biocompatibility and biodurability as well as unique combination of high temperature stability and low temperature elastomeric properties [50, 51] . Silicones have been applied to medical devices including oxygenators, contact lenses, finger joints, catheters, blood pumps, breast implants, tubing, ophthalmologic implants, drug delivery, and stent covering [52, 53] . It has been reported that silicone is useful in covering vascular [10] , esophageal [54] , trachea-bronchial [11, 12] , and biliary stents [55] . Silicone-covered stents are made by dipping or spraying method, which comprises a mixing of two part solutions, evaporation of the solvents, and curing process of the polymer chains.
Drug Eluting Non-Vascular Stent
Non-vascular stents are mostly covered with a polymeric membrane or film to prevent ingrowth of surrounding tissue through stent mesh, and drugs for suppression of hyperplastic benign or malignant tissue could be incorporated into the polymeric materials. Unlike the vascular stents, there has not been much interest covering the non-vascular stents in the gastrointestinal tract with bioabsorbable polymer, since permanent polymer covering is preferred in nonvascular stents, where the biodegradation of the stent covering could result in an in-growth of the surrounding benign or malignant tissue and early obstruction of the stent [56] . Studies on the drug-eluting non-vascular stents are collected in Table 2 . A PTFE-covered stent could be impregnated with an anti-proliferative drug, which is co-soluble in a carrier polymer solution. The drug-incorporated carrier polymer fills the micropores of the e-PTFE membrane, and the drug is released when the water-soluble carrier-polymer dissolves slowly [8, 57] . The drugs can also migrate away from the insoluble carrier polymer such as polyurethane via simple diffusion in a rubbery-state polymer [7] . Incorporation of an anti-proliferative drug into stents covered with silicone is difficult because the stent covering with silicone requires a very harsh organic solvent and vulcanization at an elevated temperature. Thus, silicone is often used as a drug-carrier polymer for PTFE membrane instead [58, 59] . In contrast to silicone, polyurethane (PU) is soluble in mild organic solvents such as tetrahydrofuran (THF), dimethylacetamide (DMAc), and dimethylformamide (DMF), where a wide variety of drugs could be co-dissolved. Thus, PU has been the most widely used polymer for local drug delivery via stent. Polyurethane films incorporated with paclitaxel (PTX) have been used in suppressing malignant tumor growth around biliary stents as well as benign tissue hyperplasia caused by placement of esophageal and urethral stents [57, [60] [61] [62] [63] . When gemcitabine was incorporated in a polyurethane film, in vitro release behavior and in vivo toxicity of the gemcitabine were studied in an animal model [9, 37, 38] . IN1233, an activin receptor-like kinase-5 inhibitor, was also incorporated in a stent covered with a polyurethane film and delivered to rabbit esophagus for evaluation of its effect on suppression of neointimal hyperplasia after esophageal stenting [45] . Polyurethane was also used as a drug-carrying polymer for local delivery of gemcitabine through a PTFE-covered stent [7] .
A medical grade PU widely used for stent covering is a polycarbonate urethane which is known to be more resistant to the physiological oxidative hydrolysis compared with polyether urethanes [64] . The polycarbonate urethane is soluble in THF, DMAc, and DMF, and swells in ethanol, methanol, 95% ethanol, acetone, and acetonitrile. It also swells significantly in DMAc-water co-solvent. Table 3 represents the solubility and swelling property data studied in our laboratory for a polycarbonate urethane, [ChronoFlex ® AL 85A (AdvanSource Biomaterials Corporation; Wilmington, MA, USA)]. Co-solubility of a drug with PU in a solvent, however, does not guaranty homogeneous distribution of the drug molecules in a stent-covering film, as demonstrated in Figure 4 . Although PTX was co-soluble with PU in DMAc, PTX appears to form micro-aggregates as solvent is dried. This suggests that PTX incorporated PU film is composed of free PTX molecules that are released from the PU matrix and micro-aggregates virtually trapped in the PU matrix. This suggestion is supported by the result that the cumulative release of PTX from the PU film did not increase as much as PTX loading into the film and the cumulative percentage of the released PTX from the PU film decreased significantly with the increase in the amount of PTX loading into the film ( Figure 5 ) [60] . Lee also reported that a similar pattern of release, having extremely small release rate and decrease in cumulative release percentage with increase in drug loading, was found even when a pluronic surfactant was employed for better miscibility of PTX with polyurethane [61] . 
It should be noted that PTX release behavior in a durable polymer such as polyurethane and that in a biodegradable polymer, such as PGLA, is quite different in that the drug is released not only via diffusion of the drug molecules, but also by the degradation of the polymer and subsequent water absorption in the case of a drug in a biodegradable polymer matrix [64] . As for the vascular stents, the antiproliferative drug eluting from the stent targets the smooth muscle cell proliferation in the early stage (several weeks) after stenting, and thus drug elution from a biodegradable polymer is preferred since the drug release could be completed in a month and the release rate could be easily controlled. Both paclitaxel from a PGLA coating and sirolimus from polymer-free stent wires with micro-pores releases the drugs within a month, as shown in Figures 6 and 7 [65, 66] . The drug elution from a non-vascular stent, however, should last for a longer period of time than that from a vascular stent to prevent the stent from a malignant tissue in-growth. The release behavior of another anti-cancer drug gemcitabine from the PU matrix is quite different from that of PTX due to the extreme difference in water solubility between gemcitabine and PTX.PTX is practically insoluble in water, whereas gemcitabine is readily soluble in water and has a solubility of 1.55% [37, 67] . There are two forms of gemcitabine; one is the pure chemical form of gemcitabine (PGEM), and the other is a clinical formulation gemcitabine (GEM). The clinical formulation is actually a gemcitabine hydrochloride and it is further admixed with sodium acetate and mannitol for venous injection. PGEM tends to form more crystals during the drying and solvent evaporation process of the stent covering. An initial burst of clinical gemcitabine, which is estimated from the cumulative absorbance of the drug-releasing medium, increases greatly with gemcitabine wt %, as shown in Figure 8 . The initial burst of the drug at 4 h from the PU film incorporated with 10% GEM is only about 10%, but it increases to about 57% for 15% GEM-PU film and to about 75% for 20% drug-loaded GEM-PU film. In addition, when PGEM is used, the drug release is much slower with less initial burst and the initial burst as well as the release rate increases with the increase in GEM wt %. The initial burst is generally attributed to the dissolution of undissolved drug aggregates on the film surface. However, the fact that the micropores were observed in the middle of the GEM-PU film after the drug release demands more explanation ( Figure 9 ). Gemcitabine release behavior and the micropores of the PU matrix after the drug release could be explained by an osmotically controlled drug release mechanism [68] . The solute concentration inside the PU film should be much higher than that in the physiological condition because of the excipients, mannitol and sodium acetate, as well as the dissociated gemcitabine-HCl. The water penetration into a pure PU matrix is known to be less than 2% [69] , but the presence of mannitol and sodium acetate as well as gemcitabine-HCl should facilitate water penetration into the PU matrix owing to the osmotic pressure gradient between the inside and outside of the polymer film. The film eventually releases the solutes into the surrounding milieu via the water channels formed inside the film, the rubbery PU chains then rearrange themselves and produce microporous network when the solutes are completely released, as shown in Figure 9 . The increase of the initial burst of drug release with the increase in GEM concentration (Figure 8) indicates that the osmotic pressure created by the excipients and imbibed water is the major factor to determine the release rate of gemcitabine from the PU film.
Concluding this section, we emphasize that the paclitaxel release from a stent cover is very slow, whereas the gemcitabine release from a stent cover is very fast. Although there has been a clinical trial of PTX-eluting biliary stent for suppressing malignant tumor around the stent, the previous study failed to show efficacy of PTX-eluting stent, compared to the ordinary stent without PTX [70] . The safety of gemcitabine-releasing stent has been studied in a canine model, but its clinical application is yet to be tried [9] . Further study on how to control the drug release rate of these drugs is warranted for clinical success of the stent-based delivery of these anti-proliferative drugs. 
Small Interfering RNA Delivery Stent
Since some short interfering RNAs (siRNAs) are known to be effective in suppressing tissue hyperplasia, it is worthwhile to briefly mention the recent studies on local Si-RNA delivery. Small or short interfering RNAs (siRNA) mediate the degradation of complementary mRNA, which results in a specific silencing of gene expression [71, 72] . The use of siRNA-targeting mRNAs that encode for cytokine receptors or adhesion molecules might be useful in minimizing the risks of stenting such as inflammation and excessive proliferation of vascular smooth muscle [73, 74] . SiRNAs can be incorporated into a stent coating to locally deliver siRNAs to the vessel wall. Moreover, immobilization of siRNA on the target surface can enhance the transfer of siRNA by maintaining an elevated concentration of siRNA within the cellular microenviroment, which induces the sustained release of siRNA and facilitates the subsequent cellular internalization.
Various methods to incorporate siRNA into a stent surface were developed based on the fact that siRNA is the negatively charged polymer, and thus can bind to cationic polymers and a cationized surface by Coulombic interactions. It was reported that a cationized pullulan hydrogel-coated metal stents could be loaded with siRNA targeted at MMP2 gene, the coating by a cationized pullulan hydrogel was able to withstand the crimping of the stent on a balloon-catheter and its development and the release of siRNA from the stent was modulated by the presence of the cationic groups of the polymer coating of the stent [75] . In addition, the negatively charged siRNA can be incorporated into cationic polymers such as poly-L-lysine, poly(ethyleneimine) (PEI), chitosan to form complexes, which facilitates the siRNA uptake by a cell. It was reported that Akt1 siRNA-PEI complexes were immobilized on the hyaluronic acid-coated stent surface and that after treatment of the complexes in the rat VSMC line, the suppression of the Akt1 protein and its downstream signaling proteins regulating cellular proliferation was observed [76] . Polyelectrolyte multilayers (PEMs) with biodegradable polymers are also useful in the controlled release and stabilization of siRNA-polyelectrolyte complexes.
A number of studies have demonstrated that siRNA can be incorporated into PEMs and the PEM cooperated with siRNA induces the release and the uptake of siRNA into cells in vitro. Flessner showed that siRNA embedded as a single layer in PEMs was released and able to silence targeted protein expression in the cancerous cell line HeLa. [77] . Recently, it was demonstrated that siRNA-chitosan complexes can be incorporated into PEMs consisting of hyaluronic acid and chitosan and that the siRNA-PEI complexes were delivered to cells in vitro and the complexes were transferred into artery walls in ex vivo [78] . Thus, it is possible that siRNA local delivery via stent can be an effective treatment option for control of both malignant tumors around a nonvascular stent as well as smooth muscle proliferation around a vascular stent. Despite these successes in the animal model, however, clinical application of siRNA-delivering stent has yet to be tried.
Conclusions
Stenting is a fast-growing and very successful clinical option for the treatment of both vascular and nonvascular stenoses. Stents can also become an efficient vehicle for local delivery of drugs and genes since drugs and genes could be coated on the stent wires or stent coverings. Clinical drug delivery stents have been successful in the treatment of vascular region by suppressing hyperplasia of smooth muscle cells after coronary stenting, but have yet to show a clinical efficacy on hyperplastic tissue around the stents in the nonvascular region. Further research and technical improvement are required to develop the efficacy and safety of the drug-or gene-eluting stents in the nonvascular conduits.
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